Abstract The advances made in the last two decades in interference technologies, optical instrumentation, catheter technology, optical detectors, speed of data acquisition and processing as well as light sources have facilitated the transformation of optical coherence tomography from an optical method used mainly in research laboratories into a valuable tool applied in various areas of medicine and health sciences. This review paper highlights the place occupied by optical coherence tomography in relation to other imaging methods that are used in medical and life science areas such as ophthalmology, cardiology, dentistry and gastrointestinal endoscopy. Together with the basic principles that lay behind the imaging method itself, this review provides a summary of the functional differences between time-domain, spectral-domain and full-field optical coherence tomography, a presentation of specific methods for processing the data acquired by these systems, an introduction to the noise sources that plague the detected signal and the progress made in optical coherence tomography catheter technology over the last decade.
Introduction
In the last decades, new medical imaging technologies have radically improved not only the diagnosis and clinical management of various diseases but have also provided new opportunities for understanding the pathogenesis of various diseases and for the advancement of novel therapies and interventions. The impact in medicine of threedimensional imaging technologies such as magnetic resonance imaging (MRI), functional magnetic resonance imaging (fMRI), X-ray computed tomography, radioisotope imaging (PETand SPECT), ultrasound and diffuse optical tomography cannot be over-emphasized. Despite their successes and further technical developments, these techniques are limited and for many applications negatively impacted by low spatial resolution; under the best circumstances, the smallest details observable are in the range of half a millimeter. Meanwhile, optical imaging methods such as conventional and confocal microscopy, fluorescence and multi-photon imaging have spatial resolutions of micrometers or better but cannot penetrate deep under the surface of biological samples.
Optical coherence tomography (OCT), a light interferencebased optical technique, allows three-dimensional crosssectional imaging within biological samples with a spatial resolution of 10 μm or less. OCT lies between the deep and the superficial imaging techniques conveying high spatial resolution at imaging depths of millimeters into tissue. Since its conception, in the late 1980s, OCT was developed as a technique enabling high-resolution, real-time and in-situ imaging of tissue microstructure without the need for tissue D. P. Popescu (*) : L.-P. Choo-Smith : M. G. Sowa excision and processing. As shown in Fig. 1 , when comparing imaging methods by their resolutions and imaging depths in tissues, OCT fills a niche located between optical microscopy methods (such as confocal and fluorescence) and ultrasound imaging.
The technological advances made in the last two decades in regard to interference technologies, optical instrumentation, detectors, speed of data acquisition and processing as well as light sources have facilitated the application of OCT technology in a variety of medical fields such as developmental biology, ophthalmology, interventional cardiology, dentistry, gastrointestinal endoscopy, dermatology, laryngology, gynecology, etc. This past decade has seen OCT evolving from an optical imaging method used mostly in research laboratories into a valuable tool used in various areas of medicine and health sciences. This trend is likely to continue as medical applications that exploit the speed, resolving power and convenience of OCT imaging emerge.
Driven by expanding sales in ophthalmology and by new medical applications, the global OCT market is expected to grow to more than US$800 million by 2014 at an annual growth rate of about 21%. Ophthalmology is expected to remain the dominant application for OCT but the growth during the next two to three years will also be driven by applications in cardiovascular medicine, dentistry, gastrointestinal imaging, dermatology, glucose monitoring, and tissue engineering (Smolka 2008; Strategies Unlimited 2010) .
Optical coherence tomography: basic principles
OCT is an optical imaging modality that is used to perform high resolution, cross-sectional imaging of internal microstructures in materials and biological systems by measuring the echo time delay and magnitude of backscattered light.
In this respect, OCT is somehow analogous to ultrasound imaging, with the provision that image resolutions of 1-15 μm can be achieved in the OCT case, spatial resolutions that are one to two orders of magnitude finer than the ones achieved through conventional ultrasound.
The functional principle behind OCT imaging is light interference. Therefore, a light interference setup is at the core of any OCT system. Although there are many types of interference configurations, as will be described in a later section, the optical fiber-based Michelson setup shown in Fig. 2 will be used to demonstrate the basic concepts of light interference and its role in OCT imaging.
In an OCT system, the light from a low-coherence source is split into two paths by a coupler directing it along two different arms of an interferometer. One arm is designated as the reference arm, while the other is the sample arm. When the light exits the fiber end of either arm, it is shaped by various optical components (mirrors, lenses, etc.) to control specific beam parameters such as shape, depth of focus and the intensity distribution of the light. In the reference arm, the light is back-reflected by a reference mirror and it returns into the interference system, propagating along the same path it came from but in the opposite direction. The same process happens with the light in the sample arm the only difference being that the beam is backscattered by the sample. In an inhomogeneous sample, different structures within the sample will have different indices of refraction and light will be backscattered when it encounters an interface between materials of different refractive index. The returning light from both arms recombine at the coupler and generate an interference pattern, which is recorded by the detector.
For a particular position of the reference mirror, the light propagating in the reference arm travels a certain optical distance and forms the corresponding interference pattern only with light that traveled the same optical distance along the sample arm, including the portion of the distance traveled inside the sample. Therefore, when the reference mirror is translated along the propagation direction of light, for different positions of the mirror, the returning reference generates interference patterns with light backscattered from corresponding depths within the sample. In this way, the dependence on depth of the intensity of light backscattered from beneath the sample surface can be measured.
The OCT signal recorded by the detector during a complete travel of the reference mirror is called a depth scan or an A-scan. In order to form an OCT image, the sample beam has to be translated across the sample surface with an A-scan being recorded at each position of the beam. Therefore, a set of consecutive A-scans is obtained forming an OCT image or otherwise called a B-scan. An example of an OCT image is provided in Fig. 3 , which shows a portion about 3 mm wide on the tactile side of a finger. The image (B-scan) contains 600 depth scans (A-scans) with a distance of 5 μm between adjacent scans. The maximum possible depth that can be probed by an OCT system generally depends on the sample itself. The image taken of the finger had a maximum depth of about 1.5 mm. The multi-layered structure of skin at the finger tip can be clearly visualized and the image also has the spatial resolution necessary to detect the sweat glands emerging to the skin surface after passing through epidermis.
A photograph of the probe head of a fiber-based OCT system is shown in Fig. 4 during the acquisition of an exvivo OCT image (B-scan). The end of the reference arm has an ultra-small probe lens with forward view attached and is covered with a transparent plastic shield for protection. Partially, the sample arm can be seen in the figure as a yellow portion of optical fiber inside the protective shield. The sample shown in the picture was harvested from the left descending artery of a rabbit specimen that develops spontaneous myocardial infarction. Rich fatty deposits can be easily observed on the exposed luminal side. This variant species was obtained by selective breeding of coronary atherosclerosis-prone Watanabe heritable hyperlipidemic (WHHL-MI) rabbits (Shiome et al. 2003) . The arterial piece was cut open along the direction of blood flow and it is exposed with the lumen side facing the OCT probing beam. A vertical balancing motion of the OCT probe head ensures the acquisition of an OCT image which corresponds to a width on the sample surface of 3 mm.
The typical light source in an OCT system is a lowcoherence semiconductor super-luminescent diode (SLD). The characteristics of the SLD are an important design parameter since the axial resolution, also known as the Low-coherence light source Coupler Detector Sample arm Reference arm Fig. 2 Fiber-based OCT system in a Michelson configuration. The light from a low-coherence source is split in two by the coupler with each part traveling along a separate arm of the interferometer, the reference and the sample arm. The light backscattered from the reference mirror and from the sample recombine at the coupler and generate an interference pattern, which is recorded by a single point detector Fig. 3 OCT image of a 3-mm-wide section of the tactile portion of a finger. The multi-layered structure of the skin is imaged to a depth of 1.5 mm below the surface. Sweat glands can be seen running from the dermis to the skin surface while passing through epidermis depth resolution or the coherence gate, is the coherence length of the source, an intrinsic parameter of the source which is inversely proportional to its spectral bandwidth. When the spectral distribution of the SLD is Gaussian, the axial resolution Δz is given as:
where l and Δl are the SLD central wavelength and its bandwidth. Therefore, broadband optical sources are required in order to achieve high axial resolution. Axial resolutions in the micron and sub-micron range can be achieved by using sources with very large spectral band such as femto-second pulsed lasers or white-light sources such as halogen lamps. The axial and transverse resolutions are independent in OCT imaging. The transverse resolution is determined by the minimum spot size of the focused probing beam, a parameter which is inversely proportional to the numerical aperture (NA) of the focusing lens:
In relation (2), d is the spot size of the probing beam as it is projected on the objective lens and f is the focal length of the objective lens, i.e. the lens or lens system located at the end of the sample arm. An important detail that needs mentioning is that there is a trade-off between transverse resolution and depth of field. A high numerical aperture features a great focusing power translating into excellent transverse resolution, i.e. small diameter of the focused beam, with a corresponding short depth of field. Meanwhile, a low NA offers a greater diameter of the beam at the focal point but a large depth of field. Most OCT imaging is performed with a low NA lens in order to ensure a depth of field of the order of millimetres, much longer than the coherence length of the source. Commercial OCT systems typically use transverse resolutions of 20-25 μm.
Optical coherence tomography systems
In the point-scanning/point-detection technology, as described above, there are two main OCT technologies, time-domain OCT (TD-OCT) and Fourier-domain OCT (FD-OCT). Fourier-domain OCT imaging can also be done in two ways: by spectral-domain OCT (SD-OCT) and by swept-source OCT (SS-OCT). Direct acquisition of 2D OCT images is accomplished through another method, full-field OCT (FF-OCT).
TD-OCT is based on a detection technique that uses a low-coherent light source and a scanning reference delay. Most of the principles and parameters that define this OCT imaging method were introduced in the previous section on basic principles. The light source, usually a low-coherence SLD or pulsed laser, is split into two paths by an optical splitter. The light from one path is back-reflected from a reference mirror that is on a controlled translation motion, allowing the reference light to travel a known path length and to undergo a measurable variable time delay. The light from the second path is directed onto the sample and is backscattered by its internal structure producing interference patterns with the reference light that traveled an equal optical distance, thus providing the depth information and the locations of various structures from within the sample. TD-OCT was the first OCT technology developed, appearing in the1990s. The theory, technical details and applications of TD-OCT have been extensively reported and can be found in references published during that period (Schmitt et al. 1994; Izzat et al. 1994; Pan et al. 1995; Fercher 1996; Dolin 1998; Podoleanu and Jackson 1999; Schmitt 1999) .
While in a TD-OCT measurement the light echoes are detected sequentially by the step-movement of a reference mirror, in FD-OCT the light echoes come at the same time from all axial depths and are detected as modulations in the source spectrum with all the spectral components captured simultaneously (Fercher et al. 1995; Hausler and Lindner 1998) . The main difference between these two technologies is that the reference arm in an FD-OCT system has a static mirror instead of a moving one as in TD-OCT. This feature eliminates the moving mirror and the limitations imposed by the inertia of that mechanical device. Due to the elimination of the mechanical translation, FD-OCT systems are capable of higher data acquisition speeds compared to TD-OCT systems. The instantaneous current generated in an FD-OCT detection system by incoming light is a function dependent on the source wavelength (or the wavenumber) sampled at that instant. The acquired wavenumber-dependent data is Sample arm S c a n n i n g d i r e c t i o n Fig. 4 The probe head ended with an ultra-small ball lens used for forward view is acquiring OCT data from the lumen surface of a WHHL-MI rabbit left descending arterial tissue. Rich fatty tissues can be easily observed on the luminal side transformed into axial scan information (i.e. the A-scan or the signal dependence on depth as it was defined in the previous section) by performing an inverse Fourier transform. Driven by advances in both detection and source technologies, FD-OCT has evolved into two primary methods, SD-OCT and SS-OCT. The core of an SD-OCT is also a Michelson-type interferometer with a stationary reference mirror, but, instead of the interference signal being captured by a point detector, after the two returning beams recombine and form the interference pattern at the beam splitter, their spectrum is spread out or dispersed with a diffraction grating and detected by a high-speed CCD line camera. A Fourier transform is performed on the spectrally-resolved interference pattern detected by the camera array thus obtaining the reflectivity as a function of depth, i.e. the A-scan. The acquisition speed of such systems is limited by the read-out rate of the line sensor, which is routinely in the kHz range (Fercher et al. 1995; Hausler and Lindner 1998; Wojtowski et al. 2002) .
Unlike SD-OCT where the interference pattern is dispersed immediately before detection, SS-OCT uses a broadband source that scans in a controlled way a laser with a narrow spectral line across the available bandwidth of the source. As before, the reference beam is reflected from a fixed mirror and forms an interference pattern with the light backscattered by the sample that is subsequently detected by a point detector. Point detection is one advantage that SS-OCT has over SD-OCT because of its higher signal-to-noise ratio when compared to area or line detectors. Because of the way the source laser is scanned across the available broadband in SS-OCT, the output is a wavenumber-dependent photo-current that is recorded by the point detector simultaneously with the scanning of the narrow-band laser (Chinn et al. 1997; Golubovic et al. 1997; Lexer et al. 1997) . The quantity of interest, the depth profile or A-scan, is also obtained by performing the Fouriertransform of the detected signal over one sweep of the laser across the available broadband. Since the light from a sweptsource consists of a laser signal with a continuously changing wavelength over time, the coherence length of the scanned laser determines the maximum imaging depth of the system while the wavelength range over which the laser is swept determines the axial resolution of the system. Therefore, a scanning laser with a narrow linewidth enables a deeper probing depth while a wider sweep range produces OCT images with higher axial resolution.
The data acquisition speed for a typical Fourier domain device is usually 45-100 times faster than for TD-OCT. It is possible now to capture 18,000-40,000 A-scans per second since the spectral data is acquired simultaneously (Murphy 2008) . Fast acquisition of a large number of scans allows 3D reconstructions that could be further manipulated to better visualize specific tissue structures. Additionally, when the acquisition speed is high there are less movement artefacts when in vivo OCT imaging is performed. Another advantage in addition to higher acquisition speed is that the signal-tonoise ratio (SNR) for FD-OCT is significantly better than the TD-OCT SNR. It has been determined that FD-OCT has a sensitivity advantage of 20-30 dB compared to TD-OCT (Choma et al. 2003; Wang et al. 2009 ).
While the OCT methods previously described interrogate, by using a focused beam, a single point on the sample at a time and build a volumetric imaging by recording an array of Ascans, another OCT technique, called full-field OCT (FF-OCT), produces tomographic images in an en face orientation. These images are perpendicular to the optical axis of the sample arm and are acquired in one shot, without rasterscanning the probe beam across the sample surface. In FF-OCT (sometimes also named full-field optical coherence microscopy), the entire field is illuminated with a low coherence light source, usually a white-light source such as a halogen lamp Dubois 2004) . The spectral properties of the light source confer FF-OCT an axial resolution of about 1 μm and a transverse spatial resolution similar to that of conventional microscopy (also ∼1 μm). The tomographic images are generated by combining en face interference patterns corresponding to different depths within the sample and recorded by an area detector such as a 2D charge-coupled device (CCD) or complementary metaloxide-semiconductor (CMOS) camera. The experimental design of an FF-OCT system contains the light source, detector, sample and reference mirror arranged in a freespace Michelson interferometer design. There are identical microscope objectives positioned in the sample and reference arms of the interferometer, a configuration which is referred as a Linnik interferometer Kino and Chim 1990) . In FF-OCT, it is necessary to record two or more phase-displaced en face interference patterns in order to obtain a tomographic image corresponding to a sample slice located at a specific distance underneath the surface. The phase shift is accomplished by displacing the reference mirror with a high resolution piezoelectric translation stage. Several algorithms used for extracting FF-OCT images from phase-displaced interference patterns are presented at the end of the next section.
Algorithms for signal processing in optical coherence tomography
The detected signal generated by a monochromatic coherent light source, i.e. a continuous-wave laser, at the output of an OCT interferometer can be expressed as:,
where, l 0 is the laser wavelength, ΔL is the optical path difference between the sample and the reference arms, while E s and E r are the optical electric fields incoming from the sample and the reference arm, respectively. When, instead of monochromatic coherent source, a low coherence light source with a Gaussian spectral distribution is used in the interferometer, the detected signal becomes:
the coherence function, with 5 0 being the optical wavenumber corresponding to the central wavelength 1 0 while L c is the coherence length of the Gaussian source.
In the case of data acquired by a time-domain OCT system, considering E r a constant reference signal normalized to unity, Eq. (4) becomes:
where, I 0 = E s 2 +E r 2 represents the background DC bias, A is the amplitude of backscattered signal, G(ΔL) is the Gaussian gate function, and cos( ) term represents the fastvarying wavelength carrier signal. Such an OCT system yields a maximum of the received signal when ΔL=0, i.e., the optical lengths are identical between the reference and sample arms. There are two processing steps needed in order to obtain the OCT image from the detected time-domain signal: (1) remove the DC part and (2) extract the maximal value of envelope of cos( ) item by low-pass filtering while also eliminating the fast-varying interference fringes.
From the point of view of mathematical formalism, the translation of the reference mirror along the optical axis used in TD-OCT produces a signal that can be expressed as a convolution between the electrical component of the optical field in the sample arm and the electrical component from the sample arm. Therefore, the detected current is proportional to the value of this convolution function:
If a Fourier transform is applied to this convolution function, then the dependence on the frequency of the detected signal is obtained as:
where s r (w)=s s (w)=1/2 s(w) and P(w)=s 2 (w) represents the power spectrum of the light source. Also, H(w) is the spectrum of point-spread-function (PSF) of the sample while Re[ ] denotes the real part. Equation (7) is the foundation of signal processing in Fourier-domain OCT imaging (Leitgeb et al. 2003; Chinn et al. 1997) . The first and second terms from the right-hand side of (7) are considered the DC component, and need to be removed. The third term contains the tomography information and the necessary algorithm to extract it in order to obtain the final OCT image is given by:
In Eq. (8), h(z) is the reconstructed OCT image, Trunc{ } represents the Truncation function used for trimming out the DC component, log( ) is the log 10 function and IFT is the inverse Fourier transform.
For a full-field OCT (FF-OCT) system, whose detection system contains an area detector, the previous equations, which all pertain to point detectors, should be extended to the (x, y) 2D plane, i.e. the plane perpendicular on the propagation direction of the sample beam. Caution has to be exercised since there are two types of interferences occurring in the data acquired by FF-OCT. One is the temporal interference generated because of the displacement of the reference mirror. This signal is acquired by each pixel of the FF-OCT area detector and it is similar to the signal generated by a TD-OCT in a point detector. Another type of signal, which is characteristic only to FF-OCT, is the spatial 2D pattern obtained due to interference at the detector site of various phase fronts coming from across the surface of the sample or from the optical components of the instrument. The previously described algorithms provide the means to only remove the temporal pattern, i.e. the fringes generated by the translation of the reference mirror. In order to obtain a good FF-OCT image, the fringes resulting from lateral 2D interference also need to be removed.
In the case of balanced optical paths between the reference and sample arms, i.e. ΔL=0, the 2D detected FF-OCT signal is reduced to the following expression:
In this formula, A i (x,y) is the quantity of interest, i.e. the sectional tomography image of the i th layer of the sample, layer located at a distance z i below the sample surface. To retrieve A i (x,y), the spatial interference fringe pattern contained within the cos[ i (x,y)] term, has to be removed together with the background component, I 0 (x, y). Akiba et al. (2003) demonstrate a method for removing the spatial interference term by acquiring two FF-OCT images that are π/2 phase-shifted I 1 (x,y), I 2 (x,y) together with a background image I 0 (x,y). Thus, a final FF-OCT image free of artefacts can be obtained from:
with S 1 (x,y)=I 1 (x,y) -I 0 (x,y), and S 2 (x,y)=I 2 (x,y) -I 0 (x,y). The background image I 0 (x,y) can be obtained before or after the scanning. The π/2 phase-shifted images I 1 (x,y) and I 2 (x,y) can be acquired either by using two "smart pixel" CCD cameras, a method that provides the required phase shift by electronic processing, or by grabbing the images one after the other with the phase shift induced by the controlled translation of the reference mirror. When the phase-shift is an arbitrary value other than π/2, the following formula should be used according to Chang et al. (2005) :
However, in both Eq. (10) and (11), there is the need to know the phase-shift a priori in order to extract the FF-OCT image from the acquired data. To solve for the A i (x,y) without knowing the value of the phase-shift, more equally phaseshifted images have to be acquired. As an example, a 5-step algorithm based on the acquisition of five consecutive phaseshifted images and the consequent use of Hariharan equations was proposed by Greivenkamp and Bruning (1992) and by Novak (2003) . The five raw FF-OCT images are acquired as: and the tomography image is extracted through the following procedure:
The only condition that needs to be fulfilled for this method to work is that 8 cannot be an integer number of p radians. As a bonus, the phase itself can also be calculated:
Because in the 5-step algorithm the calculations described in Eqs. (12), (13) and (14) have to be completed for each pixel of the 2D detector, the computation burden is relatively heavy, particularly for large images. Dubois (2001) proposed a 4-integration buckets algorithm, in which four images with circularly-shifted phase angles of 0, π/2, π, 3π/2 are acquired. Analysed by using Bessel functions of first kind, J n , the FF-OCT image is extracted through:
with k being a coefficient depending on the Bessel functions J n .
A more practical and faster version of the 4-bucket algorithm was proposed by S. Chang et al. (2007) . Based on a defined energy-type operator (Maragos et al. 1993) , the extraction algorithm becomes:
Where I 1 (x,y), I 2 (x,y), I 3 (x,y) and I 4 (x,y) are four phase shifted images. This algorithm is about three times faster.
Optical detection and noise in optical coherence tomography
Detection in OCT imaging is based on the capture of interference patterns by electronic detectors. Intrinsically, these interference patterns are time and/or spatial distributions of individual photons. At the end, the quality of a recorded OCT image is dependent on the number of individual photons captured by the detector and on the properties of the detector itself.
Every incident photon falling on an electronic detector carries a probability to generate a photoelectron, which results in a short electric current pulse which would represent the detector output corresponding to that incident photon. The probability of a photoelectron generation from an incident photon and the width of the subsequent current pulse depend on the responsivity and bandwidth of the detector, respectively. Therefore, the total photocurrent in the detector, which would be generated by a spatial and/or time distribution of photons, is the sum of space-and/or time-shifted short current pulses resulting by the detection of some photons from the input distribution. As the photon is a quantum mechanical concept, it is typical to use a semiclassical approach to treat light detection based on generated photoelectrons instead of incident individual photons (Saleh 1978) . Detection of light by an electronic detector involves three main noise sources: shot noise, photon excess noise and electronic noise.
The shot noise, which represents the limiting factor in all light detectors after all other noise sources are eliminated, arises from the quantum nature of photons. When coherent light is incident on a detector, photons are randomly absorbed and the corresponding photoelectrons are generated according to a Poisson probability distribution function. The rate of this Poisson distribution will be deterministic and will depend on the intensity of the incident light, i.e. the number of incident photons. Due to the discrete and random nature of the Poisson events (the photoelectrons) physically arising from the quantum nature of photons, the total photoelectric current read by the detector will the sum of randomly shifted (in time) short current pulses. The variance of this shot noise is given by
where e is the electronic charge, e I is the mean of the photocurrent and B is the electrical bandwidth of the detector (Saleh 1978) .
Meanwhile, when the incident light contains also an incoherent portion, photoelectrons are also generated randomly according to a Poisson probability distribution function. However the rate of this Poisson distribution will be random (instead of deterministic as in the case of shot noise) and will depend on the coherence degree of the incident light. This additional randomness in the rate of the Poisson process that governs the generation of photoelectrons results in another noise source called photon excess noise (Saleh 1978) .
In the case of thermal incoherent light (sometimes powerful halogen lamps are used as light sources in FF-OCT systems), this random-rate Poisson distribution becomes a Bose-Einstein distribution with a variance equal to the variance of the original fixed-rate Poisson distribution (shot noise) plus the extra (photon excess noise) given by
where V and Δv are the degree of polarization and the effective linewidth of the source, respectively (Morkel et al. 1990 ). Another type of noise affecting optical detectors is induced by electronic thermal fluctuations. This noise could be modeled as a white Gaussian noise (WGN) which has a variance given by
Where K B is Boltzmann's constant, B is the electrical bandwidth of the detector, and R L is the equivalent load resistor at temperature T (Oliver 1965) . Note that an easy and very often used method to quench the electronic thermal fluctuations is to cool down the detector.
One could think of noise analysis in OCT in two ways: (1) calculation of average signal-to-noise ratios (SNR) to assess the performance of different experimental configurations (Takada 1998; Podoleanu and Jackson 1999; Rollins and Izatt 1999; Podoleanu 2000; Rosa and Podoleanu 2004) , or (2) derivation of statistical moments and probability distribution functions to be used for statistical image processing techniques, e.g., minimum mean squared error, maximum likelihood and Bayesian estimation, which are usually more powerful than deterministic methods (Sherif et al. 2008) .
A typical time-domain OCT setup with direct optical detection is shown in Fig. 2 , a configuration which tends to have a high excess photon noise. In order to quench this excess photon noise, another type of setup is used. Its layout is shown in Fig. 5 and it is called balanced differential optical detection. Although the examples shown are both TD-OCT systems, this discussion is also applicable to frequency-domain OCT setups as well.
For balanced differential detection (also named balanced heterodyne detection), light in the interferometer is equally split into two beams and a phase shift of 180°is introduced between the two interfering optical fields of one of the beams. This is achieved by the combined effect of the two optical couplers shown in Fig. 5 , where each coupler introduces a phase shift of 90°b etween the field at one of its input ports and the field at the non-corresponding output port. After propagating the same optical distance, these beams are detected by two identical but independent detectors whose photocurrents are subtracted to obtain the A-scan. Therefore, balanced differential detection results in a purely interference signal (fringes) without any background signals, which largely eliminates the photon excess noise (Rollins and Izzat 1999) . Extended analysis of both first and second order statistics of the depth-scan photocurrent in timedomain optical coherence tomography (TD-OCT) systems using polarized thermal light sources were derived by Sherif et al. (2008) for both direct and differential detection cases. After eliminating the other noise sources, the remaining shot-noise limited signal-to-noise ratio in time-domain OCT is calculated by Swanson et al. (1992) as:
where ρ is the responsivity of the detector, P s is the instantaneous optical power incident on the sample, and R s is reflectance of the sample. We note that the SNR of a TD-OCT system is proportional to the responsivity of the detector and to the optical power reflected from the sample, but is independent of the optical power level in the reference arm. Meanwhile, the shot-noise limited signal-to-noise ratio in frequency-domain OCT is determined by Choma et al. (2003) as:
with P s [k m ] being the fraction of instantaneous optical power incident on the sample that corresponds to m th spectral channel of the detection system, and M is the number of detection channels. We note that SNR FD-OCT is higher than SNR TD-OCT by a factor of M 2 . However, this improvement factor is typically reduced by an extra factor of 2 since a practical optical source would not have equal power in all its spectral channels, e.g. a Gaussian spectral shape. Assuming M to be approximately equal to 10 3 , a usual order of magnitude for the number of spectral channels (i.e. wavelengths) employed in either SD-OCT or SS-OCT layouts, FD-OCT systems are theoretically capable of about 20 dB higher SNR than TD-OCT systems.
Advances in catheterized optical coherence tomography
In most tissues, OCT has a typical imaging depth limitation of 1-4 mm. Therefore, with the notable exception of ophthalmic OCT, when imaging is performed on internal body structures, such as the cardiovascular system or the gastrointestinal tract, the OCT probe needs to be integrated into a catheter, endoscope, or biopsy needle, arrangement that can bring it close to the structure under investigation. The optics integrated within the probe must be able to focus and scan the OCT beam according to specific parameters and to collect the light backscattered by the sample. OCT catheterized probes are designed to collect images either in the forward scanning (forward-viewing) mode or in the radial outward scanning mode (side-viewing). It is widely recognized that OCT system performance is affected by compactness, scanning speed, and flexibility of the imaging probe (Liu et al. 2004; Tran et al. 2004; Zara and Patterson 2006; Munce et al. 2008; Min et al. 2009 ).
Optical fiber lens probes, such as graded-index (GRIN) fibers or fiber ball lens, have been proposed (Swanson et al. 2002; Shishkov et al. 2006 ) and implemented for both forward-and side-viewing applications (Reed et al. 2002; Mao et al. 2007; Mao et al. 2010) . The main advantage of fiber lenses over conventional glass lenses are their small size, and ability to auto-align to the optical fiber due to the creation of a low-loss fusion-spliced interface, low backreflection and high mechanical integrity. In addition, a beam diverter can be easily attached to the fiber lens by either fusion splicing a GRIN fiber lens as in Mao et al. (2007) or by polishing a facet directly onto the surface of a ball fiber lens . The fiber tip of forward scanning devices can be displaced using various electrostatic or magnetic techniques (Munce et al. 2008; Min et al. 2009 ). Methods to manipulate the focused beam have been demonstrated with a dual-reflective MEMS mirror and with a pair of angle-cut rotating GRIN lenses (Wu et al. 2006; Wu and Xie 2009) .
Various rotating OCT probe drive systems have been developed by industry and the research community due to the numerous applications for a side-viewing probe. With a side scanning probe, the focused light from the distal end of the fiber is redirected radially outward by using an optical prism. The circumferential scan is performed by rotating either the entire optical assembly or by rotating the mirror prism with a micro-motor located at the distal tip of the probe. In early devices, in order to perform an OCT scan of internal structures, a hollow torque cable is rotated while the optical fiber cable is moved longitudinally within a transparent housing. These earlier devices had a relatively large diameter of about 1 mm.
A recent development from Lightlab Imaging (St. Jude Medical), the ImageWire, has a diameter as small as 0.25 mm including the outer plastic sheath. Circumferential scanning is performed by rotating the single-mode fiber in a plastic sheath that is connected to a fiber optic rotary joint. The probing OCT beam is radiated outward from the polished 45°fiber tip (Swanson et al. 2002) . Some limitations of this design include: rotating the fiber probe introduces time-varying fiber birefringence; the rotary optical joint introduces optical losses; and rotational motion of the fiber is non-uniform. To resolve the problems introduced by non-uniform rotational distortions, Lightlab has implemented a viscous damping fluid located within the sheath to provide viscous drag during the fiber rotation (Petersen et al. 2005) .
In several improved designs, a mirror prism connected to a micro-motor deflects light radially from a stationary optical fiber. These designs eliminate the need to rotate the distal end of the fiber (Herz et al. 2004; Su et al. 2007; Tran et al. 2004) . Some of the drawbacks of this design include: the electrical wires obscure a portion of the radial scan; electrical components in the probe is a potential safety concern; and the probe head may be more difficult to miniaturize.
Another design based on a rigid concentric drive system uses a rotating endoscope, which consists of a stationary central core that includes the fiber and the focusing lens, as well as a rotating inner tube containing a rod prism (Bonnema et al. 2009 ). The outer diameter of the probe is 2.1 mm. However, its applications are limited to those procedures that require a rigid endoscope.
The feasibility of using an electro-thermally actuated micro-mirror MEMS device for performing circumferential scanning has been demonstrated (Xu et al. 2007 ). This micro-mirror, mounted 90°with respect to the optical axis of a GRIN lens that terminates the fiber from the OCT sample arm, is capable of angular deflections of up to 45°. This design has the potential to be developed into a more flexible and smaller-diameter probe, but electrical components are still required within the probe.
Rotating probes have been developed with eccentric optics where forward and side imaging is performed in a single rotation (Takahashi et al. 2007 ). The length of the rigid portion is 10 mm and the outer diameter is 2.6 mm. The dimensions of the rigid portion could be a limitation for situations that require flexibility and small size.
A new design of an in situ on-axis rotary probe has been developed, which features a non-rotating fiber cable ). The optical fiber, which passes through the centre shaft of a micro-motor, remains stationary when the motor is running. A mirror with a 45°reflecting angle is solidly mounted to the motor's rotating shaft. When the mirror rotates, the light exiting the fiber is reflected as a side-view scanning beam. In contrast to existing probes, this novel design can provide a more accurate, uniform and stable measurement. In addition, it yields a much stronger signal with almost no time-varying fiber birefringence.
Recent technology developments in catheter probe design have enhanced the capabilities of OCT for in vivo imaging in gastrointestinal cancers (Standish et al. 2007; Isenberg et al. 2005) , cardiovascular disease (Munce et al. , 2008 , bladder cancer (Wang et al. 2007) , and neurological disorders (Jafri et al. 2005) . Needle-based biopsy guidance with OCT is underpinned by the inherent compatibility of OCT with miniature fiber-optic probes (Reed et al. 2002; Iftimia et al. 2005; Yang et al. 2005; Goldberg et al. 2008 ).
Optical coherence tomography applications
Most of the anatomical components of the eye transmit light with minimal optical attenuation and scattering. This property has made ophthalmic and retinal imaging the first and, to date, the most successful application for OCT. The potential for high resolution OCT imaging of ophthalmic conditions was tested for the first time almost three decades ago (Fercher and Roth 1986; Fujimoto et al. 1986; Fercher et al. 1988) with the acquisition of cross-sectional 2-D images soon to follow (Huang et al. 1991) . The first in vivo OCT studies of human retina were performed by Swanson et al. (1993) and by Fercher et al. (1993) . In a short time, it has became obvious that no other technology used for ocular imaging comes close to the potential of OCT to produce non-invasive, high-resolution images of human eye and retina. Presently, ophthalmic diagnosis is one of the most clinically developed OCT applications with several systems approved and marketed for clinical use such as the Visante system by Carl Zeiss Meditec (FDA approved in October 2005) and lamp-mounted OCTsystem by Heidelberg Engineering (FDA approved in March 2006) .
OCT technology was first commercialized for ophthalmologic applications and it is now accepted as "the standard of care". It has been estimated that more than 37,000 scans were performed daily in the USA as early as 2006 (Walz 2006) . Through the widespread adoption of this technology in ophthalmology, global sales of OCT equipment have grown from less than US$10 million in 2001 to nearly $200 million in 2007. Extrapolating the growth rates from the last 5 years, the ophthalmic equipment market is expected to grow to about $490 million by 2014 (Smolka 2008; Strategies Unlimited 2010) . Current applications in ophthalmology, where OCT technology started to be widely used, include examining the retina for age related macular degeneration, diabetic retinopathy, and glaucoma, as well as probing the anterior segment for corneal and refractive power measurements.
Intravascular OCT has also been developed to exploit the high resolution of the imaging method to help direct coronary artery interventions and for the identification of vulnerable plaques (van der Meer et al. 2005; Patel et al. 2005; Regar et al. 2003; Yabushita et al. 2002) . Since OCT imaging can be implemented through fiber-based systems it can be easily adapted to the existing coronary catheters Tearney et al. (2003a, b) . Specialized catheters designed for circumferential OCT imaging of arterial pathology in in vivo settings were developed by incorporating optical fibers with gradient refraction index and a deflecting prism at one end into commercially available intra-vascular ultrasound catheters (Shiskov et al. 2000) .
Ex vivo studies revealed the potential for clinical classification of the different types of plaques based on OCT arterial imaging. The accuracy of OCT for characterizing plaque type has been established by using histopathological diagnostics as the gold standard. This comparison yielded a sensitivity and specificity ranging from 71 to 79% and 97-98% for fibrous plaque, 95-96% and 97% for fibrocalcific plaques, and 90-94% and 90-92% for lipid rich plaques, respectively (Yabushita et al. 2002) . Subsequent work has shown that OCT arterial imaging can provide quantification of macrophage content (Tearney et al. 2003a, b) , differentiation between red blood cell-rich and platelet-rich thrombus , differentiation of thrombus from plaque and arterial wall (Jang and Hursting 2005) , identification of multinucleated macrophages (Tearney et al. 2003a, b) and cholesterol crystals (Tearney et al. 2003a, b) .
An ex-vivo OCT image of a fatty portion (similar to the ones observed in Fig. 4 ) located on the luminal side of a WHHL-MI rabbit artery is displayed as an example in Fig. 6 . The image is 3 mm wide, 1.5 mm high and is acquired with a swept-source emitting at 1,310 nm with axial and transversal resolutions of 12 and 10 μm, respectively. Atherosclerotic-related structures developed under the luminal surface such as lipid pools, macrophage accumulations and fibrous caps and can be easily observed in this OCT image.
The anatomical arterial features observed in ex vivo samples were replicated in in vivo OCT imaging studies on living human patients at the beginning of this decade (Jang et al. 2001; Jang et al. 2002) . Central to the development of OCT technology for interventional coronary artery imaging, algorithms for fast automated identification and segmentation of specific clinical markers and providing for enhanced soft tissue contrast within large sets of OCT data are being developed Flueraru et al. 2010) From a technique tested only in research laboratories, intravascular OCT has evolved into a tool used for guiding procedures and for assessing vascular conditions during surgical interventions. Recently, at the beginning of May 2010, OCT technology received clearance from the U.S.A. Food and Drug Administration (FDA) to be used for intravascular imaging. Intravascular OCT is currently approved in over 35 countries from Europe and Asia, and it has been used by leading hospitals for high-resolution imaging in thousands of coronary interventions to date. The high number of research publications focused on arterial OCT, and the fact that LightLab (FDA approved) and Volcano are in the process of commercializing products, are strong indicators that cardiovascular medicine will be the next big OCT market to be exploited. Although cardiovascular OCT is not expected to replace intravascular ultrasound (IVUS), in a similar manner that OCT replaced ultrasound in ophthalmology, it has been proven to be a valuable tool for arterial imaging.
In recent years, OCT has been also developed for dental applications such as caries detection and periodontal diseases (Feldchtein et al. 1998; Wang et al. 1999; Fried et al. 2002 Fried et al. , 2005 Baumgartner et al. 2000; Amaechi et al. 2001 Amaechi et al. , 2003 Brandenburg et al. 2003; Colston et al. 2000; Ngaotheppitak et al. 2005) . These studies have demonstrated the potential of using this technique for in vivo imaging of intra-oral tissues. The OCT images obtained were able to delineate structural components of the gingival tissue (e.g., sulcus, epithelium, connective tissue layer) as well as hard tissue structures (e.g., enamel, dentin, dentino-enamel junction). Some approaches involve improvements in imaging by using polarization-sensitive OCT (PS-OCT) (Baumgartner et al. 2000; Ngaotheppitak et al. 2005; Hitzenberger et al. 2001 ), a method that takes advantage of the birefringent properties of enamel mineral and allows deeper light penetration (Fried et al. 2002) . PS-OCT technology has recently been used to examine caries lesions and has been shown to detect approximal and occlusal caries on extracted teeth. In addition to providing a measure of the intensity of backscattered light as a function of depth, PS-OCT also provides an assessment of the polarization state of the backscattered light relative to depth. If the sample under investigation exhibits birefringence properties, such as tooth enamel, then PS-OCT images may provide enhanced structural information. Caries lesion depths measured non-invasively by OCT are comparable to the results obtained by gold-standard destructive methods such as histology and microradiography, for determining lesion depth . OCT is therefore able to provide morphological information of near-surface tissue structures and defects in the tooth and is particularly sensitive to changes in refractive index as the light interacts with the sample. The method shows promise for use in screening for early dental caries which go largely undetected by X-ray examination. OCT can also be used for estimating the lesion depth and extent of tooth surface demineralization without the need for ionizing radiation . From a clinical perspective, it can be useful for determining the extent of caries activity and in aiding the decision either to restore or to promote remineralization. In addition, OCT measurements of teeth at regular intervals can be used to demonstrate whether the caries process has been arrested and to monitor the effectiveness of re-mineralization treatments. As an example, a demineralized portion of dental tissue is demonstrated in the OCT image of a tooth acquired at 830 nm (Fig. 7) . This B-scan contains 100 A-scans and corresponds to dental tissue that is 2 mm wide and ∼1.2 mm deep. The demineralized tissue is on the left side of the image while a small portion of healthy tissue is localized on its right side. Demineralization leads to OCT signal being recorded from deeper within the dental matrix when compared to the depth penetrated by OCT signal in healthy tissue. The depth and extension of such lesions, also called "white spots", can be easily determined by OCT imaging but not through X-ray.
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As a clinical specialty, gastroenterology uses white-light endoscopy to visually examine organs responsible for digestion. It is known that most of the cancers of the gastrointestinal tract arise in the outer most layers of the tissue, the mucosa. Therefore, the ability to accurately assess the status of this layer is imperative. Although there have been many efforts to improve endoscopic diagnosis and move away from solely from visual inspection, only endoscopic ultrasonography (EUS) has clinically become established. However, its resolution is insufficient for probing the mucosal layers in detail. The shortcomings of EUS include: high cost, the necessity to evaluate a large number of biopsies, low yield, delayed diagnosis and, the most serious of all, the sampling error where dysplasia and early cancer can be overlooked (Falk et al. 1999 ). Due to its higher spatial resolution and ability to image structures located underneath a surface, endoscopic OCT is well suited to make the greatest clinical impact in the diagnosis of various disorders affecting the mucosa. Izatt et al. 1996 demonstrated that OCT can clearly delineate the individual layers of the mucosa and differentiate mucosa from submucosa in stomach and colon. Also, OCT images showed obvious differences between normal and malignant tissue in human esophagus, stomach, small intestine and colon Kobayashi et al. 1998 ). In addition, Boppart et al. (1999) used excised rat tissue to study the feasibility of OCT-guided photoablative argon laser therapy. Their results suggested that OCT imaging can also be used for monitoring the therapy. Assessing the state of muscularis mucosae (deepest layer of the mucosa) is necessary when determining the malignancy invasiveness, and a study has shown that the thickness of this layer can be imaged by OCT (Cilesiz et al. 2002) . Ex vivo studies conducted by Westphal et al. (2005) proved the perfect correlation between OCT images and their corresponding histology samples. Das et al. (2001) demonstrated that catheter probe OCT and EUS are complementary rather than competing technologies. The depth of penetration of OCT is insufficient for evaluating the deeper layers (muscularis propria) but, due to its micrometer resolution, it is excellent for diagnosis of the mucosa and submucosa layers.
Conclusion
This review paper provides a brief overview of some of the main technical aspects of optical coherence tomography (OCT) for the reader who is not very familiar with this technology and wants to obtain a quick glimpse at the potential and challenges of this imaging method. OCT is a light interference-based imaging technology that has made huge strides in biomedical research and medicine in the last decade. Its main strength is the capability of real-time in situ 3D visualization of tissue structure and pathology Fig. 7 OCT image of a tooth containing both healthy and demineralized tissue without the need to excise and process the sample tissue. It provides images with a spatial resolution of micrometers and with the possibility to detect structures located at depths of millimeters underneath the surfaces of probed tissues. OCT has had the most clinical impact in ophthalmology, where it provides quantitative information that cannot be obtained by any other imaging method. Fiberbased OCT systems can be easily interfaced with a wide range of instruments such as catheters, laparoscopes or endoscopes, thus enabling the imaging of internal organs systems: arterial, intestinal, digestive, pulmonary, etc. By now, tremendous progress has been achieved in intravascular OCT imaging, with the method being approved in over 35 countries for clinical use to obtain real-time images of coronary arteries during cardiology interventions. As a tool for fundamental research, OCT has a broad spectrum of applications in small animal imaging, developmental biology, tissue engineering and the development of new biocompatible materials. From the technological angle, the advances in Fourier-domain OCT had a huge impact, ensuring tremendous data acquisition speeds thus allowing in vivo acquisition of 3D-OCT volumetric data and signal averaging techniques that offer measurements of unmatched sensitivity. The incessant innovation process on going in OCT imaging technology all over the world will undoubtedly open new applications for this method in clinical medicine and in fundamental biomedical research.
